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Abstract Hemodynamic factors, such as Wall Shear Stress (WSS), play a substantial role in arterial
diseases. In the larger arteries, such as the carotid artery, interaction between the vessel wall and
blood flow affects the distribution of hemodynamic factors. In the present study, both rigid-wall and
deformable-wall models are developed in a 3D numerical simulation to assess the effectiveness of arterial
rigidity on worsening hemodynamics, especially WSS. Two different rheological models (Newtonian and
Carreau–Yasuda) have been employed to evaluate the influence of blood, non-Newtonian properties, as
well. The importance of vessel wall deformability was compared with the rheological model of blood.
Although the deformability changes hemodynamic factors under the steady state boundary condition, or
at the last two phases of the cardiac cycle (when the blood flow in carotid looks like a steady condition),
WSS distribution is mostly affected by the blood rheological model. In other words, the influence of shear-
thinning behavior at the end-diastolic phase of the cardiac cycle is undeniable unlike the deferability.
However, the effects of deformability, like the rheology of blood onWSS could not be neglected at the first
two phases of the cardiac cycle when pressure reaches its highest values.
© 2012 Sharif University of Technology. Production and hosting by Elsevier B.V.
Open access under CC BY-NC-ND license.1. Introduction
Detailed knowledge of flow patterns in the carotid artery
is of high clinical interest, since the brain receives its blood
from the carotid artery, which is one of the sites most prone to
atherosclerosis [1,2], and any problem in the carotid artery can
put the patient at high levels of stroke risk or gangrene. Some
local hemodynamics, such as low Wall Shear Stress (WSS) and
sharp, spatial and temporal gradients of WSS, are considered
to play important roles in the initiation and progression of
atherosclerosis [3–6].
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to the analysis of hemodynamics at the common carotid
bifurcation [7–9] and provides a detailed quantitative study of
the relationship between hemodynamics and arterial disease,
which has made CFD such an attractive tool in hemodynamic
research. In large arteries, arterial hemodynamics are greatly
affected by the deformability of the vessel wall, so solid domain
deformation should be taken into account formore realistic and
reliable numerical simulations of flow in arteries. Also, blood
cannot be considered as a Newtonian fluid, due to its significant
shear-thinning behavior, [8,10] which has ineligible effects on
hemodynamic variables [8,11].
This paper aims to explore the importance of both the
vessel wall deformability and the blood rheological model
on hemodynamics, especially WSS. In order to evaluate the
effectiveness of the shear thinning property of blood on
hemodynamic distributions, bloodwasmodeled, both as a non-
Newtonian fluid following the Carreau–Yasuda constitutive
equation, and also as a Newtonian fluid. Further, the effect
of vessel wall rigidity on hemodynamics was investigated by
comparing WSS distributions between arterial models with
different elastic moduli.
2. Materials and methods
The computational domain is shown in Figures 1 and 2
and is similar to the one used in [8]. In the present work,
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the velocity profile was evaluated at five different sites in the
internal carotid artery that are shown in Figure 2, and WSS is
calculated on a non-divider wall line (Figure 2).
2.1. Governing equations
The vessel wall deforms passively, due to viscous and pres-
sure forces of the blood flow, so additional complications are
introduced into the simulations because of changes in the
shape and cross section of the fluid domain. In this study, the
Navier–Stokes equations, coupled with elastodynamics equa-
tions, were applied to describe the fluid domain, as well as
the fluid-solid interactions simultaneously. The changes in the
shape of the numerical domain, due to fluid-solid interactions,
made re-mapping and re-meshing necessary during the nu-
merical process. One way to solve these equations numeri-
cally is the iterative solution of blood (fluid), the elastic wall
(solid), and mapping equations in series until convergence
(under certain residual criteria) is obtained. In the presentwork,
ANSYS-CFX [12] softwarewas used tomodel the fluid-structureinteractions in the carotid artery. This code solves the above
mentioned equations with Arbitrary Lagrangian–Eulerian (ALE)
formulation, which is the proper approach for FSI numeri-
cal simulations. These equations described the fluid domain
motions:
∇ · v⃗f = 0 (1)
ρ

∂v⃗f
∂t
+ ((v⃗f − v⃗s) · ∇)v⃗f

= −∇p+∇ · τ⃗ , (2)
where v⃗f and v⃗s are the fluid and solid velocity vectors, respec-
tively, ρ is the density and p is the pressure. τ⃗ is the stress ten-
sor, which linearly depends on the rate of deformation tensor,
D, with a relation of τ = µ(2D) = µ[∇v⃗ + (∇v⃗)tr ]. Here, µ
represents the viscosity of the blood, andD is the shear rate ten-
sor. For a non-Newtonian fluid,µ varies according to shear rate,
while, for a Newtonian fluid,µ is considered constant and inde-
pendent of the shear rate. In this research, the Carreau–Yasuda
andNewtonianmodelswere used to explain the rheological be-
havior of blood. For the Carreau–Yasuda model, apparent vis-
cosity is expressed by Eq. (3):
µ− µ∞
µ0 − µ∞ = [1+ (λγ˙ )
a] (n−1)a , (3)
where µ0 = 22 × 10−3 pa, µ0 = 2.2 × 10−3 pa, a =
0.644, n = 0.392, and λ = 0.110 s [8].
The vessel wall was considered as a linear elastic, isotropic,
and homogeneous material with a density of 1050 kg/m3,
several different Young modulus values (including 0.5 MPa,
1 MPa, and 2 MPa), and a Poisson ratio of υ = 0.45. The
describing equations for the solid domain of the FSI model can
be written as:
∂ρs
∂t
+∇ · ρsd⃗s = 0, (4)
ρsa⃗s = ∇ · σ⃗s + f⃗s, (5)Figure 2: (a) Schematic representation of the carotid bifurcation and the location of measurement sites in steady simulation. (b) Schematic representation of the
carotid bifurcation and the location of measurement sites in pulsatile simulation.
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on waveforms obtained from phase-contrast MRI velocity measurements [13]
in vivo.
where ρs is the density of the solid domain in the FSI simulation
model, σ⃗s is the solid Cauchy stress tensor, f⃗s is the body force
vector at time t , and a⃗s = ¨⃗ds is the local acceleration of the solid
domain.
2.2. Boundary conditions
For steady-state simulations, a parabolic velocity profile
(with Re = 270) was imposed as the axial inlet velocity in the
Common Carotid Artery (CCA). A no-slip boundary condition
was applied at the fluid-solid interface, and zero static pressure
was imposed on the outlets of the internal and external carotid
arteries. In the pulsatile simulations, time varying pressure at
the CCA inlet and velocity profiles at the outlets (ICA & ECA)
were applied as boundary conditions into the Finite Volume
Model (FVM). These fluid boundary conditions were extractedfrom the phase-contrastMRI velocity in vivomeasurement [13],
which is depicted in Figure 3. The no-slip boundary condition
was used at all walls. Similar to that used in Tada et al. [14],
to make the flow field at the bifurcation independent from the
specified boundary conditions at the downstreamendof the ICA
and ECA, the total length of both the ICA and ECA are extended
around 8.0a (a is the CCA diameter) from the sinus (ICA) and the
divider tip (ECA), respectively.
The boundary conditions at the interface between fluid and
solid domains are depicted here:
d⃗s = d⃗f , (6)
σ⃗s = τ⃗f , (7)
v⃗s = v⃗f , (8)
where v⃗s represents the velocity vector of the solid domain,
and d⃗s and d⃗f are indicating displacement vectors of solid
and fluid domains, respectively. A length of 2a (a is the di-
ameter of the artery) from the upstream of CCA and down-
stream of ICA and ECA was considered rigid and fixed to
support the elastic bifurcation tube [13,14]. Many numeri-
cal simulations were performed to achieve grid-independence
simulation results and to find the best compromise between
accuracy and minimum computing time. In order to test
the grid-independency, the velocity and WSS were com-
pared in three different positions between four different
mesh sizes in both steady-state and pulsatile models (SET#1:
mean mesh spacing = 0.6 mm, SET#2: mean mesh spacing =
0.5 mm, SET#3: mean mesh spacing = 0.345 mm, and SET#4:
mean mesh spacing = 0.3 mm). The mesh size of 0.345 mm
was used based on maximum 2.5% difference criteria. For ex-
ample, at a certain point, these four grid sizes are provided
as 0.000254, 0.000242, 0.000231 and 0.000228 m displace-
ments, respectively. The selected grid size discretized the do-
main of computations to 1,000,000 unstructured elements inFigure 4: Distribution of streamlines (left) and velocity vectors (right) illustration on the symmetry plane for (a) Newtonian and (b) non-Newtonian Carreau–Yasuda
models. Recirculation zone is much smaller in right figure of (b).
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Carreau–Yasuda models.
the smaller geometrical model (used in the steady-state sim-
ulations), and around 1,200,000 elements in large geometry
(employed in transient simulation). In the pulsatile simulations,
a total of 500 uniform time steps per cardiac cycle were used
(time step interval = 0.002 s) to diminish the effect of the
startingmoment of numerical simulations in pulsatile cases and
the simulationwas carried out over three cardiac cycles. Typical
CPU time was about 19 h for such pulsatile rigid-wall models,
rather 4.5 h for those steady and rigid-wall simulations. It re-
quires more than 18 h in steady, but FSI, models, and 51 h for
pulsatile and FSI models, using a Pentium quad core processor
of 2.33 GHz with 3.25 GB Ram.
3. Results
3.1. Steady and FSI
In this section, the effect of the rheological model of the 3D
FSI blood flow simulation in the carotid bifurcation artery is
discussed. All simulations are performed with exactly the same
boundary conditions, as described before. The streamlines and
velocity vectors of rigid-wall models are shown in Figure 4.
The figure implied that the shear-thinning feature of blood
has an undeniable effect on the size of recirculation areas
in the carotid artery. The back flow zone area is greater in
the Newtonian model (4-a) compared to the Carreau–YasudaFigure 6: (a) Comparison between FSI and rigid-wall models using the
Newtonian model to represent the blood rheological behavior; (b) distribution
of shear stress along non-dividerwall for Newtonian, non-Newtonian and rigid-
FSI.
model (4-b); higher curvature and complexity could be seen in
the Newtonian model.
Similar results could be found in FSI models as shown in
Figure 5.
Figure 5 shows that arterial deformability does not change
the mentioned patterns notably. Indeed, no matter how rigid
the carotid arterial wall is, the back flow zone extent is affected
by the shear-thinning feature of blood. In other words, it is
evident that the Newtonian model significantly overestimates
the area of the recirculation zone (Figure 4a) in comparison
with the non-Newtonianmodel (Figure 4b). Similar conclusions
are drawn in some other studies, such as Khanafer et al. [15]
and Khatib [16]. The results of viscosity calculations in our
previous study [17] confirmed our results about the effect of the
shear-thinning property of blood on the size of the recirculation
zone in the carotid artery. Viscosity in the Newtonian model
experienced lower values comparedwith the apparent viscosity
in the Carreau–Yasuda model, as a non-Newtonian model,
especially at lower shear rates. In fact, the Newtonian model
leads to underestimation of the apparent viscosity value, and
results in an overestimation in the size of the back flow
zone. Note that the recirculation zones are associated with
the locations of low shear rates in the flows. Hence, it is
clear that the Newtonian model does not provide an accurate
estimation about the back flow zone extent in the carotid artery,
since blood behaves notably as a shear-thinning fluid. The
simulations also revealed that the Newtonian model notably
M. Toloui et al. / Scientia Iranica, Transactions B: Mechanical Engineering 19 (2012) 119–126 123Figure 7: Contour distribution of dynamic viscosity on symmetry plane of artery, assuming the Carreau–Yasuda rheological model for (a) peak systolic phase
(t/T = 0.15), (b) mid deceleration (t/T = 0.3), (c) second peak systolic (t/T = 0.51) and (d) diastolic phase (t/T = 0.9).underestimates the mechanical wall stress over the apex of the
artery for usual shear rates. Streamlines and the Von–Mises
stress (Eq. (9)) distribution in the symmetry plane of the carotid
artery (shown in Figure 5) are calculated as follows:
σVonMises =
√
2
2

(σ1 − σ2)2 + (σ2 − σ3)2 + (σ3 − σ1)2, (9)
where σ1, σ2 and σ3 are principle stresses.
In the Newtonian model, the maximum value of Von–Mises
stress is about 636 pa, while the maximum value in the non-
Newtonian model is about 990 pa. Results also imply that the
ratio of maximum Von–Mises stress in the non-Newtonian
model to the maximum value of the Newtonian model is
about 1:0.64. This ratio shows that the rheological model has
an undeniable effect on mechanical stress values in the solid
domain. Furthermore, using the Newtonian model to describe
the blood rheological behavior causes some underestimated
stress values in the solid domain of the carotid artery under
present boundary conditions, which represent the lowest
values of shear rate in the cardiac cycle. Thus, it implies that the
shear-thinning feature of blood cannot be neglected, especially
at low shear rate levels. The stress level of the arterial wall is
elevated in the non-Newtonian model, since the magnitude of
the viscous term in Navier–Stokes equations (Eqs. (1) and (2))
was increased compared to the Newtonian case. This increase
eventually leads to an increase in the pressure force term
to balance the equation. This opinion was confirmed in the
corresponding section of some other articles [16,18].
Figure 6 shows that in both deformable and rigid models
of carotid bifurcation, wall shear stress variations on the non-
divider wall follow the same pattern qualitatively, and there
is no significant quantitative difference between them. The
results of the rigid-wall simulations were also verified againstthe experimental results of Gijsen et al. [8] in our previous
study [17].
The effect of the shear-thinning property of blood and vessel
wall deformability on the Wall Shear Stress (WSS) distribution
along the non-divider wall of the carotid artery is shown in
Figure 6(b). Under the present boundary conditions, which
represent the lower amounts of shear rate in the cardiac cycle, it
can be concluded that the wall shear stress distribution is more
affected by the rheology of blood rather than the deformability
of the vessel wall. Themaximum difference ofWSS distribution
between the FSI simulation and rigid-wall modeling is only
about 0.0125 pa, where the rheological models are the same
in both analyses. However, the maximum difference of the
WSS value between the Newtonian and Carreau–Yasuda non-
Newtonian models reaches up to 0.175 pa for the same level of
vessel wall deformability. It is evident that the influence of the
blood rheological model onWSS distribution is more compared
to that of the vessel wall deformability.
3.2. Pulsatile and FSI
Dynamic viscosity distribution of blood flow at four different
phases of the cardiac cycle is shown in Figure 7(a)–(d), on
the symmetry plane of the ideal carotid artery, while blood is
modeled by the Carreau–Yasuda model. At all phases of the
cardiac cycle, the dynamic viscosity experiences its maximum
value in the middle of the flow cross section in CCA and near
the carotid bulb, which is the result of low velocity gradients
in these regions. The same conclusion was drawn in our
previous study for steady-state flow [17]. Also, considering both
velocity vectors (Figure 4) and dynamic viscosity distributions
(Figure 7), it is clear that the low velocity region is accompanied
by high viscosity right next to the non-divider wall of the ICA
124 M. Toloui et al. / Scientia Iranica, Transactions B: Mechanical Engineering 19 (2012) 119–126Figure 8: Distribution of wall shear stress along non-divider wall for Newtonian, non-Newtonian and rigid, FSI simulations for (a) peak systolic, (b) mid deceleration,
(c) second peak systolic and (d) diastolic phase.branch. This also depicts the reason for this region to be a prone
site of LDL deposition on the wall. In brief, near the ICA bulb
(sinus), blood has high values of viscosity and it increases to its
maximumvalue at the last twophases of the cardiac cycle. Thus,
it might be said that initial LDL deposition occurs around these
two time levels of the cardiac cycle.
Wall shear stress distribution along the non-divider wall is
plotted in Figure 8 at all four different phases of the cardiac cycle
for both rigid-wall and deformable artery models. Wall Shear
Stress (WSS) patterns for all four time levels are approximately
the same, while there are significant differences between the
WSS values for Carreau–Yasuda and the Newtonian models
especially at the last two phases of the cardiac cycle, i.e. 2nd
peak systole and diastole. The extent of the back flow zone
can be distinguished by zero or negative values of WSS; so the
more the blood shows the shear-thinning behavior, the less the
area of the bulb (sinus) experiences back flow. Furthermore,
it can be seen (Figure 8) that at high shear rates (systole or
mid-deceleration phases), the maximum difference between
WSS values of the Newtonian and the Carreau–Yasuda rigid-
wall model is about 0.1 pa. The difference in WSS values was
observed in the same order ofmagnitude between FSI and rigid-
wallmodels, while the Carreau–Yasudamodel represents blood
rheology. At low shear rates (2nd peak systole and diastole
phases), that difference reaches around 0.3 pa between WSS
values of Newtonian and Carreau–Yasuda rigid-wall models,
while this difference decreased to 0.01 pa between FSI and
rigid-wall models for the same rheological model of blood.Thus, the rheological model affects WSS values more at the
last two phases of the cardiac cycles, when shear rates are
lower. It is also notable that there is a significant difference
between WSS distributions of rigid and deformable models,
mainly at the first two phases of the cardiac cycle, because of
the higher magnitude of arterial deformation at these two time
levels. However, at the last two phases of the cardiac cycle, the
blood rheology plays a more significant role in hemodynamic
distribution compared to the vessel wall deformability.
The correlation of arterial rigidity with the size of the
recirculation zone in the carotid artery is shown in Figure 9.
The extent of the back flow zone gets smaller by increasing
the wall rigidity at the first two phases of the cardiac cycle.
The difference of 0.2 pa between the WSS values for a rigid-
wall and a deformable-wall with 1 MPa elastic modulus
implies the inaccuracy of the rigid wall assumption for blood
flow simulation in the carotid artery. However, the difference
between the WSS values and their pattern of variation was not
that significant at the last two phases of the cardiac cycle and
steady-state simulations.
4. Conclusison
The rigid-wall and FSI models were conducted under
pulsatile and steady flow to find the flow patterns in
the carotid artery bifurcation. The flow patterns and WSS
distributions have been discussed to discover the effects of
M. Toloui et al. / Scientia Iranica, Transactions B: Mechanical Engineering 19 (2012) 119–126 125Figure 9: The influence of vessel wall elasticity on WSS distribution along the non-divider wall of the carotid artery for non-Newtonian simulation at (a) peak
systolic, (b) mid deceleration, (c) second peak systolic and (d) diastolic phase.the various rheological representations of blood. A categorical
difference between the WSS distributions of Newtonian and
non-Newtonian fluid models was observed under both steady
and pulsatile conditions. As described in results, the more that
blood shows shear-thinning behavior, the less the area of the
bulb experiences back flow. Our simulation results show that
the Newtonian model underestimates the value of mechanical
stress over the apex, and overestimates the extent of the back
flow zone. Hence, using the non-Newtonianmodel tomimic the
mechanical behavior of the blood is needed, while blood has a
significant shear-thinning nature.
The FSI modeling of blood flow in the carotid bifurcation
artery provided the results to compare the effectiveness of ves-
selwall deformability versus blood rheology onhemodynamics,
especially WSS. It is noted that the pulsatile FSI simulation is
predicted a larger recirculation zone next to the ICA bulb, com-
pared to the rigid-wall model, at the first two time levels; while
the FSI model shows a smaller zone of backflow at the last two
phases of the cardiac cycle comparedwith the rigid-wallmodel.
Even though the deformability changes the hemodynamic fac-
tors under the steady state condition, and at the last two phases
of the cardiac cycle (when the blood flow in the carotid looks
like a steady condition), changing the rheological model of the
fluid caused the greater differences in WSS values. Indeed, the
influence of shear-thinning behavior at the end diastolic phase
of the cardiac cycle is undeniable unlike the deferability.Acknowledgments
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